The role of soluble messengers in directing cellular behaviours has been recognized for decades. However, many cellular processes, including adhesion, migration and stem cell differentiation, are also governed by chemical and physical interactions with non-soluble components of the extracellular matrix (ECM). Among other effects, a cell's perception of nanoscale features such as substrate topography and ligand presentation, and its ability to deform the matrix via the generation of cytoskeletal tension play fundamental roles in these cellular processes. As a result, many biomaterials-based tissue engineering and regenerative medicine strategies aim to harness the cell's perception of substrate stiffness and nanoscale features to direct particular behaviours. However, since cell-ECM interactions vary considerably between two-dimensional (2-D) and three-dimensional (3-D) models, understanding their influence over normal and pathological cell responses in 3-D systems that better mimic the in vivo microenvironment is essential to translate such insights efficiently into medical therapies. This review summarizes the key findings in these areas and discusses how insights from 2-D biomaterials are being used to examine cellular behaviours in more complex 3-D hydrogel systems, in which not only matrix stiffness, but also degradability, plays an important role, and in which defining the nanoscale ligand presentation presents an additional challenge.
1. Introduction
Introduction to mechanotransduction
As the field of biomaterials has evolved over the past decades, researchers have shifted from developing materials that were merely tolerated by the body to creating those that elicit a specific response. Nowhere is this more prevalent than in the fields of tissue engineering and regenerative medicine, in which researchers often aim to form scaffolds that, in addition to providing threedimensional (3-D) structural support for tissue growth, also direct cell response. The means by which cellular behaviours are governed by soluble chemical messengers are well established. Signalling molecules such as growth factors interact with cells to trigger various pathways involved in stem cell differentiation and extracellular matrix (ECM) formation, among others. In addition to their interactions with soluble cues, however, cells are also influenced by adhesive interactions with their ECM, applying physical forces to it, sensing its deformation and even remodelling it. Like soluble factors, these interactions similarly affect cell behaviour.
The importance of cell-ECM interactions in relaying mechanical signals has long been recognized, but it was not until the early 1990s, when Ingber and colleagues attached magnetic beads to cells and applied a twisting moment, measuring the resistance of the beads to twisting, that the field truly expanded. It was these pioneering experiments that demonstrated that the cell cytoskeleton behaved like a ''tensegrity'' structure, an interconnected unit that could resist applied forces as an integrated structure [1] . These insights created tremendous excitement in the new field of cell mechanotransduction, which aimed to elucidate the role of mechanical forces in directing cell behaviour. The field of mechanotransduction concerns interconnected phenomena by which cells both respond to applied forces and exert forces on their surrounding ECM. Such physical forces result in changes in cell morphology and cytoskeletal structure, which fundamentally influence cell response.
The response of cells to applied and intracellularly generated forces in their interactions with the ECM, however, is only one aspect of how the ECM influences cell behaviour [2] . caused by changes in nanoscale surface topography and ligand presentation. In 2004, seminal work by Spatz and colleagues [3] used non-adhesive polymeric substrates functionalized with precisely spaced adhesion peptides to reveal that cells are highly sensitive to inter-ligand spacing. Substrates patterned with ligands spaced up to 58 nm apart fostered cell attachment and spreading, whereas a distance of 73 nm or more was too great to support efficient adhesion. These and other nanoscale surface features appear to play important roles in directing stem cell differentiation and myriad other effects. Mesenchymal stem cells (MSC) have been shown, for example, to respond by triggering osteogenic differentiation when exposed to nanoscale pits that are slightly disordered as opposed to arranged in aligned, square patterns [4] . It is because of the complex interplay between these interrelated mechanotransductive effects that targeting the nanoscale features of the ECM remains an important means by which to direct cell fate.
Despite these important insights into the role of the ECM in directing cell behaviour, most knowledge in this field has been gained by studying cells cultured on two-dimensional (2-D) substrates. While 2-D systems have provided invaluable insights into cellular mechanisms, the unnatural morphology and polarity of cells residing as a monolayer, as well as the high stiffness of many cell culture substrates, artificially influences these behaviours, resulting in altered matrix synthesis and unphysiological cell migration and differentiation. For example, fibroblasts are spindle-shaped when cultured in 3-D collagen gels, with long extensions attached to matrix, whereas on 2-D collagen-coated surfaces, they form numerous stress fibres instead [5] .
Since 2-D cell culture inherently misrepresents the in vivo behaviour of most cell types [6] [7] [8] , there has recently been a shift towards 3-D tissue culture systems. These include hydrogels based on biopolymers such as collagen, hyaluronic acid and alginate [5, 9] . However, as biologically derived systems are poorly defined in terms of their nanoscale architecture and are subject to batchto-batch variability, a wide range of synthetic polymers have also been developed, including poly(ethylene glycol) (PEG), poly(caprolactone), poly(vinyl alcohol) and poly(glycolic acid), among others [9, 10] . These systems, in which researchers are beginning to assess the effects of mechanotransduction and nanoscale ligand presentation in 3-D, are likely to be of great benefit to the fields of tissue engineering, regenerative medicine and stem cell biology [11] . The present review discusses these interrelated topics and addresses mechanotransduction and cell response in 2-D. It also examines how the 2-D cell response often lacks translatability to more in vivo-like 3-D situations, and discusses synthetic hydrogels, whose characteristics, including stiffness, degradability and ligand presentation, can be tuned to influence mechanotransduction in 3-D. The paper ends by discussing how the field might best progress to harness understanding of mechanotransduction to direct cell behaviour for therapeutic purposes.
Integrin-mediated cell-ECM interactions in tissue engineering and regenerative medicine
The emerging fields of tissue engineering and regenerative medicine seek to ''apply the principles of engineering and life sciences toward the development of biological substitutes that restore, maintain, or improve tissue function'' [12] , often using biomaterial scaffolds [13] to achieve these aims. Stem cells are widely used in these fields because of their ability to self-renew and differentiate into tissue-specific lineages [14, 15] . This requires understanding of fundamental cellular behaviours, particularly the interplay between cells and their ECM. Since many biomaterials aim to simulate the ECM in order to direct cell differentiation and localized tissue formation, a more in-depth understanding of how the ECM directs cell behaviour is of critical importance.
Differentiation of stem cells in cell culture systems has typically been achieved using soluble chemical differentiation factors (e.g. dexamethasone for osteogenesis, insulin for adipogenesis and hydrocortisone for smooth muscle cell differentiation). However, ECM characteristics may also be harnessed to direct cell behaviour, in combination with [16] , or often without the need for soluble factors [4, 17, 18] . Where ECM properties have been shown to induce terminal differentiation (as opposed to merely affecting transcript expression), mechanotransduction-mediated effects such as cell shape and cytoskeletal tension appear to be critical [19, 20] . Approaches towards harnessing extracellular cues to precisely control stem cell fate therefore first require an understanding of and then an ability to exploit the cell's interactions with its ECM.
The ECM is a complex network of molecules that fulfils multiple roles within each tissue, the composition and resulting mechanical and biochemical properties of which vary considerably between different tissue types. In addition to providing structural support, strength and elasticity, it guides various cellular processes that influence metabolic activity, proliferation and differentiation, among others. The ECM accomplishes these functions by acting as a substrate for cellular adhesion, polarization and migration. Additionally, cells are able to remodel the ECM via enzymatic degradation [21] and by applying traction forces to it [22] [23] [24] . Some of the major components of the ECM are summarized in Table 1 [5, 25, 26] .
Mammalian cells attach to the ECM via integrins, heterodimeric transmembrane proteins consisting of a and b subunits. In humans, 18 a and 8 b subunits exist in 24 possible conformations [27] . On the extracellular side, integrins recognize specific amino acid sequences, allowing them to adhere to various components of the ECM. Intracellularly, integrins attach to the cell's cytoskeleton via a series of linker proteins. As a result, integrins mediate cell-ECM adhesion through a complex feedback mechanism, acting both as mechanosensors and bidirectional signalling receptors, which pass environmental information across the cell membrane and intracellular information to the ECM. Because the direct mechanical link between the ECM and the cell cytoskeleton is mediated by integrins, mechanical signals are carried directly to the nucleus. As a result, this mechanism is more efficient and faster than other signalling methods, taking $2 ls to propagate 50 lm, compared with $25 s for small signalling molecules and $50 s for motor proteins [28, 29] . Cell-ECM interactions are initiated by the binding of integrin receptors to ECM ligands (Fig. 1 ). This is induced by allosteric conformational changes on either the extracellular or intracellular end [30] , followed by formation of protein aggregates called focal adhesions (FA) on standard 2-D surfaces. FA link integrin clusters to actin filaments, acting as cytoskeletal anchor points that transduce intracellular forces across the membrane to the ECM. This results in activation of the ERK/MAPK (extracellular signal-related-kinase/ mitogen-activated protein kinase) [31] and RhoA/ROCK (Rhoassociated protein kinase) pathways [32] . During clustering, actin polymerization occurs, radiating outward from the clusters. Myosin II molecules between actin clusters contract, and the force generated stimulates Src kinase-dependent lamellipodial extension and lateral separation of clusters. This enables cell spreading and is followed by subsequent retraction of myosin II, causing inward movement of clusters and increasing cytoskeletal tension [33] . It is across these stiff fibres that mechanical forces are transduced throughout the cell and across the membrane. Lateral integrin mobility and clustering is therefore required for efficient cell spreading and motility of anchorage-dependent cells on 2-D surfaces [34] [35] [36] [37] , and is a primary means by which cells interact with the extracellular environment.
In cells fully embedded within a 3-D collagen matrix, however, focal adhesion proteins such as vinculin, paxillin and talin, among others, do not form aggregates but are dispersed diffusely throughout the cytoplasm. Despite the lack of distinct FA, these proteins are still indirectly implicated in modulating cell traction and speed of motility, by affecting cell membrane protrusion and matrix deformation via mechanotransductive processes [38] . [5] .
In some cases, motifs are concealed within the peptide and are only exposed through conformational changes, induced by surface adsorption, interaction with other proteins, mechanical distortion or proteolysis [42] . When integrins bind to ECM components, conformational changes in the protein occur, triggering intracellular protein aggregation and cell signalling cascades [21] . Understanding such integrin-mediated cell-ECM interactions is fundamental to elucidating how biomaterials may be harnessed to regulate cell behaviour. Indeed, by integrating peptide motifs into artificial matrices with precise spatial distribution, researchers may be able to specifically direct stem cell differentiation.
The effects of 2-D substrate properties on cell behaviour

Influence of nanoscale topography on cell morphology and differentiation
The native ECM possesses tissue-specific micro-and nanotopography. For example, a triple helical Type I collagen molecule is typically 300 nm long and 1.5 nm in diameter. In bone, a collagen fibril has a diameter of 80-100 nm (compared with 260-410 nm in tendon), with D-spacing (overlapping 5-10 nm deep striations) occurring every 67-68 nm. Apatite crystals measuring approximately 50 Â 25 Â 4 nm are embedded in collagen bundles in bone and are organized in various orientations within the matrix, depending on location, with fibres running radially, in parallel or in woven conformations [43, 44] . Such features only comprise a fraction of the complexity of native bone ECM architecture, which also contains non-collagenous proteins, proteoglycans and glycoproteins [5] . These specific nanotopographical features of bone ECM influence various cellular activities. For example, rough hydroxyapatite, calcite and titanium surfaces with nanoscale textures (formed by different spraying, sawing or polishing techniques) have been shown to enhance both osteoblast adhesion and differentiation [45] and osteoclastic resorption [46, 47] in comparison with smooth substrates. Here are briefly summarised some of the key findings regarding the effects of nanotopographical features on the behaviours of various cells, and how these may be used to direct stem cell differentiation independently from biochemical cues. For more comprehensive reviews refer to Refs. [15] and [48] . Owing to the focus of this review on nanoscale features, microscale effects are not discussed.
The most widely studied effect of topography on cellular behaviour is the well-established phenomenon of contact guidance, in which cells align and polarise in accordance with anisotropic surface features. This is best exemplified in polarized cell types, such as neural cells and their progenitors, neural stem cells (NSC). For example, neural cells show cell type-specific alignment when cultured on ridged surfaces known as nanogratings. Xenopus spinal neurons sprout neurites in parallel, and hippocampal axons align perpendicular to ridges [49] . Similarly, nanogratings with ridges up to 350 nm wide and 500 nm high trigger embryonic stem cell (ESC) [50] and NSC [51] alignment, elongation, actin rearrangement and differentiation down specific neuronal lineages, in the absence of growth factors or cytokines [51] . Nanogratings have also been shown to affect the morphology, cytokine production and migration of epithelial cells [52] [53] [54] and induce contact guidance in fibroblasts, endothelial and smooth muscle cells [55] , even inducing transdifferentiation of MSC down neuronal lineages [56] . Therefore, 2-D substrates may be patterned with nanoscale topographies in order to specifically direct stem cell fate.
The effects of nanotopography on MSC and their derivatives have also been widely studied. Dalby and colleagues, for example, have shown that substrates with raised islands of nanoscale height influence morphology and spreading of fibroblasts and osteoblastic differentiation of MSC, compared with flat substrates [57] [58] [59] . They also demonstrated that nanopits (100 nm depth, 120 nm diameter, 300 nm spacing) arranged in slightly disordered grids (with up to 50 nm random offset in both planes) cause an increase in fibrillar adhesion length, mineral production and osteoblastic differentiation of osteoprogenitor cells and MSC, compared with ordered grids and randomly disordered patterns [4, 60] . These in vitro findings suggest that topographical cues on materials can direct cell behaviour at the cell-material interface. For example, ridged substrates may be used for expansion and differentiation of explanted stem cells down a specific lineage, such as for tailored treatment of cardiovascular, skeletal or neurodegenerative diseases. Nevertheless, despite a wealth of evidence suggesting that nanotopography directs cellular behaviours, comprehensive reviews have failed to identify clear trends, probably due to differences between research groups in methods used to create materials [55] . By contrast, studies in which the geometry of adhesive patterns, the nanoscale presentation of ligands and the stiffness of substrates have been investigated have given a clearer insight into the precise mechanisms by which ECM interactions govern cellular behaviours, and are discussed below.
Cell response to changes in cytoskeletal tension
Although a number of potential mechanisms have been put forward to explain how nanotopography regulates cell behaviour, one with particularly strong evidence is that changes in cell morphology and cytoskeletal structure and tension regulate cellular response. Studies on the cytoskeletal response of individual cells seeded on adhesive areas of varying geometry have provided an interesting insight into this phenomenon. These studies use adhesive patches of controlled shapes and areas on non-adhesive backgrounds. In 2004, McBeath et al. [20] demonstrated that cell shape regulates MSC differentiation by modulating endogenous RhoA activity. Cells cultured on small (1,024 lm 2 ) islands of fibronectin assumed a round morphology and expressed dominant-negative RhoA, causing them to commit to an adipogenic lineage. By contrast, when seeded on large (10,000 lm 2 ) patches, MSC were able to flatten, triggering osteoblastic differentiation mediated by RhoA in its active form. In both cases, RhoA-mediated differentiation was dependent on the respective morphologies of the cells. By contrast, activation of the RhoA effector, ROCK, resulted in osteogenesis, regardless of morphology, and was dependent on cytoskeletal tension [20] .
Following the same principle, cell behaviour may also be controlled by dictating cell shape while maintaining a constant cell spread area. Staining of individual epithelial cells cultured on substrates patterned with fibronectin in T, Y, V, D and P shapes revealed high concentrations of actin stress fibres and vinculin at non-adhesive edges (Fig. 2a, b) . This positively correlated with FA and actin cable size. Differentiation of single MSC cultured on adhesive patterns of the same area but different geometry also varied, depending on the shape of the RGD patterned area. Adipogenic differentiation was favoured by cells cultured on round islands, while shapes with steeper angles promoted osteogenic differentiation, with the strongest effect being observed on stellar islands (Fig. 2c, d ) [61] . These results provide insight into the interplay between cytoskeleton conformation and differentiation, highlighting how cells may be directed down specific lineages by altering these factors.
The role of ligand presentation in cell attachment and response
Another factor that appears to be of critical importance in nanoscale feature control of cell behaviour is ligand presentation. Although early studies reported conflicting results regarding the minimum concentration and spacing of adhesive ligands required to induce efficient cell spreading [63] [64] [65] , technological refinements over the past decade have enabled researchers to precisely control ligand patterning on 2-D substrates [34, 36] . Block or diblock copolymer micelle nanolithography (BCML), in particular, has enabled nanopatterning of ligands such as RGD on soft substrates [66] . BCML involves first patterning glass slides with regularly spaced Au nanodots, to which linker molecules are attached. The nanodots are then transferred to a non-adhesive copolymer, binding via the linkers and providing hydrophilic regions that are then functionalized with RGD. Polymer molecular mass and water content may be varied to regulate ligand spacing [66] . The matching of nanodot (6-8 nm) and integrin (8-12 nm) diameters [3, 67, 68] , the steric hindrance of RGD [69] and the minimal flexibility of the short linker molecule ($1 nm amplitude) [3] result in formation of a single FA per nanodot.
Spatz and colleagues showed that various anchorage-dependent cells, including osteoblasts, fibroblasts and melanocytes, adhered and spread efficiently on BCML substrates with an inter-ligand distance of 28 or 58 nm, whereas ligands spaced 73 or 85 nm apart caused ruffling of the cell membrane and significantly altered cell polarity and morphology (Fig. 3) . Although cells were able to bind, FA were not established and adhesion was therefore unstable. This demonstrated that the critical, maximal inter-ligand spacing that supports these behaviours lies between 58 and 73 nm [3, 70] . Moreover, on BCML substrates patterned with a gradient of ligand spacing, osteoblasts have been shown to migrate to the region with ligands spaced $60-70 nm apart and polarize in parallel with the direction of the gradient [71] . Ligand spacing, however, does not only affect adhesion; on polymeric substrates formed by a selfassembly technique, MSC have been shown to be sensitive to inter-ligand spacing, with osteogenic differentiation influenced by small distances and adipogenic differentiation triggered by large distances [72] . Similarly, anchorage-independent cells show sensitivity to ligand spacing. A maximal inter-ligand distance of 32 nm was found to be critical for glycolipoprotein clustering in haemopoietic stem cells, with 20 nm spacing causing a more prominent effect [41] , and cell signalling between T cells or between natural killer cells across synapses was upregulated at 25 and 34 nm spacing compared with 69 or 104 nm [73] .
However, ligand spacing is not the only factor that invokes cellular responses-in fact, it is the clustering of ligands within a localized area that probably supports FA formation. Maheshwari et al. [34] demonstrated that clustering of multiple ligands within a localized region enhances cell adhesion and motility compared with evenly dispersed ligands. As ligand spacing is proportional to ligand density in regularly spaced grids, so-called ''micro-nanopatterns'' have been investigated to separate these effects. BCML substrates with microdomains of regularly spaced Au-RGD ($58 nm) arranged in 2 Â 2 lm squares, 1.5 lm apart [3] or in 1.5 lm diameter spots, 1.7 lm apart [74] were compared with extensive areas with $58 nm spacing. Despite having lower overall ligand density than extensive areas, micro-nanopatterned substrates supported FA assembly. These observations demonstrated that localized ligand clustering rather than overall ligand density was the determining factor in regulating FA assembly. The importance of clustering was further reinforced by a study using nanoimprint lithography, which revealed that adhesion was significantly improved when ligands were arranged in clusters of four or more (with ligands spaced 660 nm), compared with clusters containing two or three ligands each, independent of global density [75] .
Linderman, Mooney and colleagues have also been instrumental in developing models that predict and assess effects of ligand presentation on FA formation on RGD-functionalized 2-D alginate substrates. They first demonstrated that an inter-ligand spacing of 36 nm supported higher preosteoblast proliferation and osteogenic differentiation than 76 nm, independent of overall ligand density [76] . They subsequently revealed that ligand-rich gels supported adhesion and spreading, whereas gels with low RGD content influenced osteogenic differentiation [77] [78] [79] . Although this latter observation appears to contradict findings by Lee et al. [76] and others [72] , who associated osteogenesis with smaller distances, the differences are probably due to variations in the presentation of ligands to cells caused by steric hindrance [78] . Micro-nanopatterned gels with identical ligand density, but alterations in cluster size (Fig. 4) [80] indicated correlation between cell spreading and the number of bound integrins; small clusters of integrin were linked with focal adhesion kinase phosphorylation, whereas large clusters were associated with osteogenic differentiation.
Based on these findings, it has been proposed that cells interpret and explore their local environments by responding to differentially positioned ligand clusters, with high spatial sensitivity ($1 nm) and optimal ligand spacing of P60 and 670 nm [71] . This coincides with the predicted 68 nm occurrence of peptide GFOGER in the D-spacing of Type I collagen fibrils [5, 43] . The mechanisms by which cells sense these environmental cues and respond through cytoskeletal reorganization were reviewed by Geiger et al. [81] in 2009 and may be implicated in tissue repair and cancer metastasis [82, 83] .
The effect of 2-D substrate stiffness on cell shape, traction and stem cell differentiation
Stiffness describes the rigidity of a material, or how much it resists deformation in response to an applied force. Elastic or Young's modulus is an engineering term, reported in units of pascals (Pa), which describes the size-independent inherent stiffness of a material. The elastic moduli of mammalian tissues can vary by over 7 orders of magnitude, and are reported to be as low as 167 Pa for breast tissue [84] and as high as 5.4 GPa for cortical bone [85] . By contrast, moduli of traditional 2-D tissue culture substrates range from $3 GPa for polystyrene to 69 GPa for soda-lime glass, much higher than most tissue types [86] . Cells apply tractions forces to their underlying substrate, essentially ''feeling'' this stiffness. In 1997, Pelham and Wang [87] demonstrated that cells behaved differently when cultured on relatively soft or stiff substrates formed from polyacrylamide hydrogels. In general, cells generate greater traction forces, establish more stable FA, form more defined actin stress fibres and spread more extensively on rigid surfaces than on compliant surfaces. They also migrate more quickly on soft surfaces and adhere more tightly to rigid surfaces. Some of the key effects of 2-D substrate stiffness on cellular behaviours are outlined here. For more comprehensive reviews, several commentaries by Discher and colleagues [88] [89] [90] and more recently by Evans and Gentleman [91] are recommended. The effects of 3-D matrix stiffness are discussed separately in the following section. Importantly for tissue engineering and regenerative medicine applications, substrate stiffness has recently been show to regulate stem cell differentiation. Compliant hydrogel matrices formed from polyacrylamide with a modulus comparable to brain tissue cause MSC to differentiate down neuronal lineages; stiffer matrices that mimic muscle induce myogenic differentiation; and matrices with high rigidity similar to collagenous bone promote osteogenesis [92] . ESC differentiation has similarly been shown to be regulated by substrate stiffness. Evans et al. [93] demonstrated that, when cells were cultured on poly(dimethylsiloxane) (PDMS) substrates, cell spreading, growth, osteogenic differentiation and expression of several genes involved in early mesendoderm differentiation were upregulated on stiff substrates compared with compliant (Fig. 5) . Muscle cell differentiation has also been shown to be optimal on substrates with a narrow range of moduli, similar to those of the healthy native tissue [89, 94] . Moreover, when cultured on stiff, fibronectin-functionalized polyacrylamide, MSC stretch the fibronectin fibres, gauging the stiffness of the underlying substrate and upregulating osteogenic differentiation [95] . Although a direct stiffness-sensing mechanism [96] has recently been called into question [91, 97] , the importance of this is that biomaterials and perhaps tissue engineering scaffolds have the potential to be designed with particular matrix stiffnesses tuned to direct differentiation of stem cells down specific lineages.
Although with fewer direct applications in tissue engineering, another approach, in addition to modifiable hydrogels, whereby the effects of substrate stiffness may be visualized involves patterning arrays of elastomeric microposts with varying heights. Taller, flexible posts simulate a more compliant substrate, while shorter posts bend less readily and appear stiff to cells. Studies using micropost arrays demonstrate that cells perceive the flexibility of microposts as they do the stiffness of hydrogels: MSC cultured on long posts assume a rounded morphology, and those grown on short, rigid posts spread more efficiently. When cells are cultured in osteogenic and adipogenic co-induction medium, osteogenesis is favoured on short posts and adipogenesis on long posts (Fig. 6) [98] . Recently, Fu and colleagues [99] reported that micropost rigidity may be harnessed to regulate differentiation of induced pluripotent stem cells down a motor neuron lineage, with soft substrates giving rise to a tenfold increase in cell number and fourfold increase in purity of differentiated motor neuron cells compared with rigid or flat substrates. Such effects are probably not an artefact of 2-D in vitro culture systems, as tissue stiffness appears to affect similar cellular behaviours in in vivo situations as well. During morphogenesis, variations in localized ECM turnover may result in regions of varying stiffness, which then affect cell differentiation. For example, it has been proposed that compliant areas under epithelial tension induce bud formation, implicating these processes in embryogenesis and tissue healing [31] . Similarly, during development, beating cardiomyocytes and collagen-depositing fibroblasts appear to work synergistically via a complex mechanotransductive feedback mechanism [100] . Tissue stiffness may also be associated with oncogenic transformation. While apoptosis is higher in non-transformed cells cultured on compliant substrates, transformed cells maintain similar apoptotic levels on substrates of different moduli [82] . Reviews by Jaalouk and Lammerding [101] and Wozniak and Chen [102] take a more in-depth look at the implications of mechanotransduction in gastrulation and disease states.
Evolving insights into the cell niche
The transition from 2-D models to 3-D hydrogel systems
Although many of the material systems explored so far have yielded fascinating insights into how ECM properties affect cell response, the majority of these findings have been reported in 2-D. As cells adopt unnatural morphologies and cytoskeletal arrangements in 2-D and since most cell types reside in 3-D in their native tissue, there is an urgent need for materials that provide a 3-D environment for cells that can more accurately simulate the mechanical and biochemical properties of the ECM, to enable a better understanding of true cell behaviour. Researching in this third dimension, however, adds complexity to experimental systems, since in addition to stiffness, topography and ligand presentation, other factors such as the porosity and degradability of a material may also affect cell behaviour. For example, cells' movements are relatively unrestricted when they are cultured on 2-D surfaces. However, in many tissues and 3-D cultures, cells must enzymatically degrade their surroundings to migrate. Materials used to study cell-ECM interactions in 3-D and direct cellular behaviours should therefore allow for precise control over not only factors such as ligand presentation and matrix stiffness, but also degradability.
Hydrogels, which are water swollen, biocompatible polymer networks, are the most common systems used to examine cell behaviour in 3-D. Many hydrogels can be formed under mild conditions, allowing for encapsulation of live cells. Their characteristics, such as stiffness, degradability and ligand presentation can also be controlled by altering their composition and synthesis or by employing various polymer chemistry techniques. Although still a very new field, advanced hydrogel systems are beginning to emerge with the capabilities to explore the effects of factors such as ligand presentation, stiffness and degradability on cell behaviours in 3-D.
Here, early findings reported in hydrogel systems are discussed. The advantages of using hydrogels formed using specific chemistries and how these systems can best be employed to isolate the contributions of various factors in directing stem cell fate and ultimately tissue formation are also explored.
The effects of 3-D matrix stiffness and degradability on cell behaviour
As 2-D substrates with varying stiffness have been found to regulate stem cell fate, many have hypothesized that 3-D environments that mimic the stiffness of native tissue would similarly promote stem cell differentiation down particular lineages. In 2010, Mooney and colleagues [23] investigated the effect of substrate stiffness on cells encapsulated within 3-D RGD-presenting alginate hydrogels. These studies were performed in non-enzymatically degradable gels, in order to keep stiffness constant throughout experimentation, and RGD density was varied in parallel with changes in stiffness. They found that, although MSC differentiate in response to 3-D matrix stiffness, the mechanism differs from that observed in cells cultured on 2-D substrates. That is, rather than being correlated with cell morphology, matrix stiffness directed stem cell fate by modulating integrin binding through reorganization of ligand presentation on the nanoscale. Matrices of 11-30 kPa induced osteogenic differentiation of MSC in 3-D in a process that was dependent on cell traction. Adipogenesis was observed in gels with moduli of 2.5-5 kPa, consistent with previous studies on substrate stiffness in 2-D. Mooney and colleagues employed Förster resonance energy transfer, a fluorescence imaging technique, to confirm that cells reorganized their matrix via a traction-mediated mechanism, and it was this activity that controlled stem cell fate. Consistent with previous studies where cells were cultured on 2-D substrates of different stiffnesses [22, 103] , they also demonstrated that cells residing in compliant 3-D matrices are unable to develop mature FA in order to exert traction forces, whereas cells cultured in rigid matrices are unable to generate sufficient force to deform the matrix, again highlighting the role of cell-mediated traction forces in regulating cell stem cell fate. More recent work by Mooney and colleagues, in which fibroblasts were cultured in 3-D interpenetrating networks consisting of Type I collagen and alginate, further highlights the effect of matrix stiffness on cell morphology and signalling, independently from gel architecture and ligand concentration. Stiffer matrices induced upregulation of inflammatory mediators, indicating that stiffness may induce fibroblast recruitment and matrix deposition in wound healing [104] .
The importance of substrate stiffness in 3-D systems in directing MSC differentiation, however, may not hold for all systems. In 2013, Burdick and colleagues [24] highlighted the importance of degradation-mediated cell traction forces in directing cell fate. Instead of culturing MSC in ionically cross-linked, non-degradable hydrogels (such as alginate), they examined cell differentiation in covalently cross-linked degradable gels based on methacrylated hyaluronic acid. Their results surprisingly show that the degradability of the hydrogel materials directed stem cell fate, rather than their stiffness. Matrix metalloproteinase (MMP)-degradable, chemically cross-linked gels allowed for a high degree of degradation and cell spreading, thus enabling cells to generate traction forces. As has been reported in 2-D systems, the generation of traction forces similarly promoted osteogenesis [20] . By contrast, gels formed by photo radical cross-linking prevented degradation and cell spreading, and inhibited the MSC's ability to generate traction forces, promoting adipogenic differentiation. Similarly, when the degradable material was later subjected to secondary cross-linking by exposure to UV light, further degradation of the matrix was reduced and a switch from osteogenesis to adipogenesis was induced. In addition to differentiation, other cellular processes also appear to be controlled by matrix stiffness in 3-D. For example, migration of preosteoblasts cultured in 3-D MMP-degradable PEG gels was highly dependent on matrix stiffness as a function of cross-linking density. In gels with low cross-linking density, migration was predominantly non-proteolytic, depending only on non-destructive movement through the porous matrix. By contrast, cell invasion in more densely cross-linked hydrogels was reliant on greater proteolytic degradation of the matrix [105] . Moreover, recent findings also indicate that cells may even retain mechanical cues from past physical environments and continue to respond to them when the mechanical properties of the matrix are altered. Yang et al. [106] cultured MSC first on stiff tissue culture polystyrene ($3 GPa) and then on soft PEG hydrogel substrates. Preconditioning on the unphysiologically rigid polystyrene was shown to bias MSC towards osteogenic differentiation and depended on the time of exposure to the stiffer 2-D substrate. They also encapsulated MSC in 3-D PEG hydrogels ($10 kPa) formed by reversible photo-polymerization, which allowed matrix stiffness to be later tuned to $2 kPa. Their response was similar to in 2-D and was reversible or irreversible, depending on exposure time to the stiffer matrix.
Taken together, these findings highlight the importance of matrix degradability and traction forces in 3-D systems, but provide little consensus on the role of matrix stiffness in directing stem cell differentiation. This lack of consensus probably arises as a result of discrepancies between the materials used to assess cell behaviour. The work by Mooney and colleagues in 2010 used non-degradable hydrogels in order to independently examine the effect of stiffness [23] . In their more recent publication, the authors note that, owing to the degradable nature of the material, the study was limited to 48 h [104] . In both cases, therefore, the effect of matrix degradability, which appears to be of great importance [24] , was not considered. Since matrix stiffness will vary as a cell remodels its microenvironment via enzymatic degradation and exertion of traction forces, understanding the effects of stiffness and degradability in 3-D, both independently and in combination, is of key importance for the progression of the field.
Incorporation and patterning of biochemical cues in 3-D matrices and effects on cell behaviour
Since the overall density, spacing and clustering of ligands have been shown to be implicated in cell adhesion, migration and differentiation in 2-D, researchers have hypothesized that the presentation of biochemical cues may influence cell fate in 3-D. In order to investigate this, 3-D hydrogels functionalized with adhesion ligands or other small molecules have been employed to investigate the effect of density. Although ligands can be incorporated into many types of hydrogels, PEG hydrogels are introduced here, formed by facile click chemistry, and their advantages over other hydrogel systems are explained. It is then described how they have been harnessed to regulate ligand presentation, and recent advances in biochemical patterning techniques are discussed.
Click chemistry techniques such as thiol-ene and alkyne-azide reactions are frequently employed to form stable, covalently crosslinked matrices and have been used to form hydrogels with varying ligand density. Although thiol-ene chemistry has been in use since the mid-19th century [107] , its use in biological applications was pioneered primarily by Hubbell and colleagues [110] over a decade ago. Four-arm-PEG, for example, is widely used for its high degree of orthogonality, biocompatibility, bioinertness and resistance to protein adsorption. As a result, cells encapsulated within non-functionalized PEG are forced into a spherical morphology, and cell viability can decrease over time due to anoikis (apoptosis of anchorage-dependent cells due to lack of cell-ECM interaction) [108] . To overcome this and enable cell adhesion and survival, Lutolf et al. [109, 110] incorporated adhesion ligands and MMPdegradable peptide sequences into four-arm PEG hydrogels. These materials, formed by Michael addition under slightly alkaline catalytic conditions, took advantage of the reaction between vinyl sulfone moieties, grafted on the termini of multi-arm PEG macromers, with thiol-containing cysteine residues, positioned at both termini of MMP-degradable peptide cross-linkers, or one end of adhesion ligands (Fig. 7) . The groups of Anseth and Bowman [111] [112] [113] have been instrumental in the further development of peptide-functionalized thiol-ene PEG systems that have the advantage over the Michael addition reaction of being performed under milder conditions via photo-polymerization, including a copper-free variant of the normally toxic alkyne-azide cycloaddition reaction, which enables cell encapsulation at neutral pH.
Various ligand-presenting PEG gels, among other hydrogel systems, have been used to investigate the effects of ligand concentration in 3-D, particularly with regard to stem cell differentiation. As well as inhibiting cell spreading, matrices lacking adhesive cues can influence stem cell fate. For example, ESC encapsulated in ligand-free PEG have been shown to aggregate and form cell-cell interactions, causing differentiation down both endothelial and cardiac lineages, compared with PEG-RGD, which induces more cell-matrix interactions, less aggregation and greater endothelial differentiation [114] . Similarly to some 2-D systems [72, 76] , Vinyl sulfone-terminated four-arm PEG Thiol-terminated MMP-degradable peptide Thiol-terminated RGD ligand Fig. 7 . Schematic of RGD-functionalized and MMP-degradable PEG hydrogel formed by click chemistry. Vinyl sulfone-terminated four-arm PEG is first functionalized with thiol-terminated RGD (in high stoichiometric deficit) and then cross-linked via thiol-terminated peptides containing MMP cleavage sites, forming an orthogonal but enzymatically degradable adhesive matrix. osteoblast adhesion and spreading [115] and osteogenic differentiation of MSC [116] have also been shown to be highly dependent on ligand presentation. Incorporation of RGD [117] or GFOGER [118] into MMP-degradable PEG hydrogels enhances chondrogenic differentiation of MSC compared with ligand-free gels. Enhanced chondrogenesis, higher Type II collagen synthesis, fewer actin fibres and a more spread morphology have also been observed in MSC encapsulated in PEG-GFOGER compared with PEG-RGD, which induced a stellar morphology with stronger actin staining. Such effects were stronger in MMP-degradable gels than in nondegradable gels [118] . Conversely, chondrogenic differentiation of MSC has been shown to be inhibited in non-degradable, RGD-functionalized alginate [119] and agarose [120] gels. These different responses, however, are probably due to differences in degradation and remodelling between degradable and non-degradable materials, rather than differences in the chemistries of the polymers themselves.
Ligand-functionalized PEG hydrogels have also been used to investigate cell behaviour in pathological conditions. For example, PEG-RGD and PEG-laminin1 have been shown to support organotypic morphogenesis of kidney epithelial cells into cysts with a central lumen via b 1 integrins, whereas cells encapsulated in non-functionalized PEG did not spread, and exhibited atypical morphologies [121] . Cancer cell migration has also been investigated in MMP-degradable PEG-RGD. In these hydrogels, fibrosarcoma cells had a much rounder morphology and were significantly more invasive than dermal fibroblasts, migrating mainly via a non-proteolytic pathway that was partially dependent on RGD concentration within the gels [122] . Unusually, these anchorage-independent cells are able to migrate from a stiff to compliant matrix, but aggregate or reverse direction when moving from a compliant to a stiff region [123] . Taken together, although it is apparent from these findings that matrices containing few or no adhesion ligands do not support efficient cell attachment, understanding of how ligand presentation affects cell responses in 3-D is vague at present. The influence of ligand spacing and clustering on cell fate shown in 2-D-as opposed to overall ligand densityindicates that matrices with more highly defined ligand presentation are likely to enable greater control over cellular behaviours in 3-D; however, very few experiments to explore such hypotheses have yet been carried out.
In addition to the distribution of adhesive peptides throughout the ECM, other chemical properties of the matrix, such as hydrophilicity can also influence cell behaviour. While these properties have been shown to alter stem cell fate on 2-D substrates [20, 92] , their influence is often overlooked in 3-D matrix design, especially in bioinert polymers such as PEG. In 2008, Benoit et al. [17] tethered several different small molecules to PEG in 3-D hydrogels. Carboxylic acid groups were chosen to mimic exposed functional groups of cartilage, phosphates were selected as they are implicated in bone mineralization and hydrophobic groups were used to resemble adipose tissue. These functionalities induced chondrogenic, osteogenic and adipogenic differentiation of MSC, respectively. These findings further illustrate the importance of non-soluble biochemical features of the cellular microenvironment in directing the cell response, and highlight how facile biochemical patterning of small chemicals within hydrogels could be exploited to direct stem cell fate.
Recently, ''4-D'' hydrogels that enable spatial and temporal patterning of specific ligand geometries in 3-D-the ''fourth dimension'' being time-have been developed in order to guide cellular behaviours such as polarization and migration in real time [124] . For example, Anseth and colleagues exploited the orthogonality between the copper-free azide-alkyne and thiol-ene systems by creating a PEG hydrogel-formed via the former reaction-that could be selectively [125] and reversibly [126] photo-patterned using the latter reaction, post-gelation. In addition to these and other PEG-based hydrogels [127] [128] [129] , photo-patterning has also been achieved in ligand-functionalized agarose [130] [131] [132] [133] , hyaluronic acid [134, 135] and alginate [136] hydrogels. This ''patterning'', however, is limited to microscale definition of adhesive regions, rather than spatial orientation of individual ligands on the nanoscale.
Similarly to in 2-D, it is likely that not only the density but also the nanoscale spacing and clustering of ligands in 3-D will play important roles in directing cellular behaviours such as stem cell differentiation. Studies to examine these hypotheses and experimental models in which to do so, however, are still lacking. However, with recent advances in hydrogel chemistry and increasing understanding of cellular mechanotransduction, this field will probably expand within the next few years. As researchers take advantage of the facile synthesis and modular nature of hydrogels formed by click chemistry, as well as exploit the orthogonal architecture of systems such as multi-arm PEG, biomaterials scientists will be able to gain control of multiple matrix properties-including stiffness, degradability and ligand presentation-both independently from one another and in combination. Such systems will aid in elucidating the distinct role of each characteristic, as well as possible synergistic effects, and will provide new insights in cellmatrix interactions.
Concluding remarks and future outlook
Over the past decade, significant advances have been made in deciphering how mechanical, topographical and biochemical cues within cellular micro-and nanoenvironments regulate cellular behaviours via complex feedback mechanisms involving integrins, FA clustering, actin filaments and downstream signalling cascades. The present paper has discussed the individual effects of cell morphology, substrate stiffness and nanotopography on cellular behaviours and described how each may be used to gain control over differentiation without the need for differentiation factors. It has also explored findings suggesting that the presentation (spacing and clustering) of ligands in 2-D may be harnessed to direct specific cell responses. These studies have provided insight into the interplay between cells and their ECM. However, the unnatural morphology of cells residing on flat surfaces and the unphysiological stiffness of most cell culture substrates is likely to artificially influence the cell response in 2-D compared with in vivo.
Early studies involving cell encapsulation within degradable hydrogels are beginning to give a clearer insight into the implications of matrix degradability in 3-D, although the effect of matrix stiffness in 3-D has yet to be clearly defined. Although some studies have indicated that overall ligand concentration in 3-D hydrogels is implicated in directing cellular behaviours, the effect of ligand spacing and clustering in 3-D has not yet been examined. The facile nature of click chemistry has the potential to enable an unprecedented high degree of control over ligand spacing and clustering in 3-D matrices, with near perfect orthogonality. Furthermore, stiffness and degradability may be varied independently from one another, as well as from other factors, such as ligand presentation. Advances in hydrogel design are therefore likely to enhance understanding of cell-ECM interactions and should be of particular use for the modelling of a diverse range of disease states, as well as for fundamental cell biology. For example, cellular behaviours may be mapped in processes such as tumour cell migration and invasion, neuron polarization and neurite sprouting, neurodegenerative diseases such as Alzheimer's and Parkinson's, cardiovascular diseases and osteogenic and chondrogenic differentiation of MSC for treatment of osteoporosis and arthritis. The relative simplicity of synthesis of such materials and the ability to use them for minimally invasive surgical applications may also enable their use as scaffolds for tissue regeneration in vivo. Hydrogels could be applied in a sterile manner by syringe, with encapsulated patient-derived stem cells for the treatment of a wide range of diseases and injuries that cause tissue damage.
In summary, new approaches to material design are required to improve understanding of cell-ECM interactions in 3-D. By engineering novel hydrogel matrices with independently modulated mechanical and biochemical properties that better simulate the cell niche, it should be possible gain considerable control over cellular behaviours in 3-D, enabling precise direction of stem cell fate. These biomaterials could provide matrices for studying cell response under normal or pathological conditions, tailored to specific cell types, and could be developed for applications in tissue engineering and regenerative medicine.
